Objective. Micro-electrocorticography (μECoG) offers a minimally invasive neural interface with high spatial resolution over large areas of cortex. However, electrode arrays with many contacts that are individually wired to external recording systems are cumbersome and make recordings in freely behaving rodents challenging. We report a novel high-density 60-electrode system for μECoG recording in freely moving rats. Approach. Multiplexed headstages overcome the problem of wiring complexity by combining signals from many electrodes to a smaller number of connections. We have developed a low-cost, multiplexed recording system with 60 contacts at 406 μm spacing. We characterized the quality of the electrode signals using multiple metrics that tracked spatial variation, evoked-response detectability, and decoding value. Performance of the system was validated both in anesthetized animals and freely moving awake animals. Main results. We recorded μECoG signals over the primary auditory cortex, measuring responses to acoustic stimuli across all channels. Single-trial responses had high signal-to-noise ratios (SNR) (up to 25 dB under anesthesia), and were used to rapidly measure network topography within ∼10 s by constructing all single-channel receptive fields in parallel. We characterized evoked potential amplitudes and spatial correlations across the array in the anesthetized and awake animals. Recording quality in awake animals was stable for at least 30 days. Finally, we used these responses to accurately decode auditory stimuli on single trials. Significance. This study introduces (1) a μECoG recording system based on practical hardware design and (2) a rigorous analytical method for characterizing the signal characteristics of μECoG electrode arrays. This methodology can be applied to evaluate the fidelity and lifetime of any μECoG electrode array. Our μECoG-based recording system is accessible and will be useful for studies of perception and decision-making in rodents, particularly over the entire time course of behavioral training and learning.
Introduction
The ability to record stable cortical surface potentials using microelectrode arrays is essential for investigating questions related to perceptual learning and the mechanisms underlying behavioral improvements with neuroprosthetic devices. Miniaturized micro-electrocorticography (μECoG) has emerged as an important class of implantable electrodes capable of recording cortical-surface field potentials at mesoscopic scales [1, 2] . μECoG combines high spatial and temporal bandwidth, capturing fine-scale structure lost to EEG, ECoG, and fMRI, and can be scaled to cover larger areas than intracortical microelectrode arrays. The microfabrication methods used to construct μECoG electrodes have enabled investigative tools at a very wide range of sizes, from extensive coverage of multiple cortical areas in nonhuman primates [3, 4] to coverage matched to the size and density of cortical neurons in rats [5] . Compact, high-density arrays are well suited for recording at the scale of rodent cortical systems, allowing customized coverage of multiple areas [6] [7] [8] [9] .
However, μECoG arrays that interface with large areas of the cortical surface in rodents at high spatial resolution require dozens to hundreds of electrodes. Obtaining recordings from freely behaving animals with a large number of electrode contacts is challenging and expensive, which limits the number of animals that can be simultaneously monitored. Furthermore, the thin-film circuit materials and fabrication techniques that have resulted in novel electrode arrays require advanced lithography and/or cleanroom facilities [10] [11] [12] [13] [14] . As a result, these devices remain largely inaccessible to the majority of experimentalists. To overcome these limitations, we have developed a low-cost, multiplexed, integrated μECoG system based on commercial electronics and flexible printed circuit board (flex-PCB) fabrication. By leveraging mass-production processes for flex-PCB fabrication we have developed a high density, flexible array with contacts at submillimeter pitch. We have also developed a low-cost, lightweight headstage that multiplexed the numerous electrode channels. The μECoG electrode array costs $29 and the headstage costs $130. The headstage was designed to be head-mountable as part of a chronically implanted system that interfaced with the electrode using a low profile, high density, and solder-free connector. The high channel-count recordings were evaluated using rigorous analytical methods that measured the clarity and spatial diversity of the array signal in response to acoustic stimuli.
This study highlights a μECoG recording system designed as a ready-made tool for experimental neuroscientists. The low cost of the headstage promotes its feasibility as a disposable unit for implantation of multiple animals in parallel. We present the design of the recording system, as well as multiple validations of the recording quality from the primary auditory cortex of anesthetized and awake rats over a period of at least 1 month. Specifically, we used a series of detailed and diverse signal characteristics such as spatial correlation profiles, power spectral densities, rms voltage, multivariate waveform amplitude, signal to noise ratios, frequency response areas, topographical maps, single-trial voltage heat maps, and single-trial decoding to determine the stability and reliability of in vivo μECoG recordings.
Methods

Electrode array fabrication
We designed a flexible μECoG array with 61 passive electrodes spaced 406 μm apart (figure 1(a)) [15] . The arrays were fabricated using the following standard flex-PCB processing techniques by Microconnex Flex Circuits (Snoqualmie, WA). Each electrode contact was 203 μm in diameter. A 12 μm thick polyimide sheet, covered on both sides with 5 μm of copper formed the core of the device (AP7408EJ 5-12-5). Electrode pads, wires and connector pads were patterned and etched into the top copper layer. In order to increase the flexibility of the final device, the bottom copper layer was not used and etched away. A 15 μm layer of liquid photoimageable solder mask (Taiyo PSR-9000, Taiyo America) was deposited on the surface of the array and patterned. Exposed copper electrode pads forming the electrodes and connector pads were finished with electroless nickel immersion gold (figure 1(a) inset). Five holes were laser-cut into the array, each 305 μm in diameter, to provide windows for simultaneous unit recording with penetrating electrodes, or to monitor the depth of penetration of surface stimulation. Each of the 61 electrodes was individually wired with 25 μm wires spaced at 25 μm, which minimized the width of the array to 3.4 mm where it must exit the skull and scalp. These traces fanned out slightly (14.5 mm) to exposed pads designed to mate with a high-density (200 μm pitch) zero insertion force (ZIF) connector with 61-pins (HiRose, Inc.). The ZIF connector had a low profile and did not require soldering to connect with the flex-PCB array. FR4 material was added as a stiffener over the connection area to reach the recommended thickness (200 μm) for the ZIF connector to mate properly with the flexible circuit.
The average electrode impedance was 26.4±1.7 kΩ at 1 kHz (Supplemental figure 2(a)), providing low noise sensing of field potentials. The electrodes were arranged in an 8×8 grid, covering 10.6 mm 2 . Three corner electrodes were omitted. The fourth corner electrode was intentionally unexposed to serve as a test for the resistance of the encapsulation in awake experiments, reducing the number of active recorded sites to 60. Consequently, this electrode was omitted from the design of the recording headstage.
Analog multiplexed headstage
We designed a headstage for use with the flex-PCB electrode that provided amplification and multiplexing of signals from the 60 recorded channels (figure 1(b)). The headstage was constructed from off-the-shelf integrated circuits and specifications suitable for inexpensive PCB manufacturing and assembly. The headstage was based on our previous design [16] , but with improved signal to noise characteristics, signal quality, and reduced size. Electrode contacts were routed from the ZIF connector to 30 dual op-amps in a unity gain configuration (OPA2376, Texas Instruments). The 60 outputs of these buffers were multiplexed by a pair of dual 16:1 multiplexers (ADG726, Analog Devices, Inc.). The outputs of the multiplexers were high-pass filtered at 0.0016 Hz to remove the average electrode DC offset and subsequently amplified by a pair of dual op-amps with 20× gain (OPA2376, Texas Instruments). The gain value we chose provided a large input voltage dynamic range (±125 mV), while reducing noise in the analog transmission of multiplexed signals to the analog to digital converters. All signal and interface wires were carried by an ultra-flexible μHDMI cable (Draco Electronics, LLC, CA, US) with analog signals measured differentially on the shielded, twisted pairs. The headstage had a height profile of <27 mm and weighed <3 g, making it suitable for awake, in vivo recording in a freely moving animal.
Acquisition interface PCB.
We interfaced our headstage with National Instruments data acquisition systems using a custom interface PCB that provided regulated power and converted the multiplexer command signals from 5 to 2.5 V logic (figure 1(c)). A low-noise bipolar supply for the multiplexed headstage was generated by first inverting the 5 V onboard power from the NI system to −5 V using a charge pump voltage inverter (TPS60403DBVR, Texas Instruments) and then using a pair of ultra-low noise positive and negative linear regulators to provide regulated ±2.5 V (TPS7A4901DGNR and TPS7A3001DGNR, Texas Instruments). The interface PCB was connected to a multicard PXI system (PXI-1033 or PXIe-1073, National Instruments) with 18-bit analog to digital Figure 1 . A low cost, 60-channel analog multiplexed electrophysiology system. (a) The design included unity gain buffering, multiplexing, amplification and filtering in a small form factor. The μECoG system was connected via μHDMI to a national instruments multicard PXI data acquisition system and data were recorded on a laptop computer. (b) The electrode array had 61 contacts that were 203 μm in diameter and spaced 406 μm apart. The dark electrode in the upper left hand corner of the array was intentionally not exposed to test the encapsulation material. Five laser cut holes (305 μm in diameter) are included to provide access for intracortical electrodes. The 3D cross sectional schematic of the electrode array shows the material composition. The actual layers thicknesses of the electrode arrays are the following: soldermask: 15 μm, gold: 0.125 μm, nickel: 3 μm, copper: 5 μm, polyimide: 12 μm. The total thickness is ∼30 μm. (c) Each side of the headstage system included 15 dual op-amps configured as buffers, a dual 16:1 multiplexer and a dual op-amp to provide 20× gain (the front side with a 61-pin ZIF connector is shown, the back side contains another set of the same circuits).
converter cards (PXI-6289). However, a USB-6289 or any M-series or X-series DAQ system would also be compatible. Custom LabVIEW data acquisition software was used to control the acquisition and perform real-time demultiplexing, display and recording. We have previously published this software with an open source license [17] .
2.3. Surgical procedure for anesthetized and awake recordings in rodents.
All animal procedures were performed in accordance with National Institutes of Health standards and were conducted under a protocol approved by the New York University School of Medicine Institutional Animal Care and Use Committee. A specific surgical protocol was developed for implantation of this device in rats. Experiments were carried out in a sound-attenuation chamber. Ten male Sprague-Dawley rats 4-6 months old were anesthetized with ketamine (40 mg kg −1 , intramuscular injection) and dexmedetomidine (0.125 mg kg −1 , intramuscular injection) or pentobarbital (50 mg kg −1 , intraperitoneal injection). The head was secured in a custom head-holder that left the ears unobstructed. A longitudinal incision was made along the midline to expose the skull. Five bone screws were inserted into the skull around the point of entry of the electrode array to help anchor the dental cement (C & B Metabond Quick! Luting Cement) pedestal to the skull. After reflecting the right temporalis muscle, a 5 mm×5 mm craniotomy was made on the right temporal skull to expose the brain and a sterilized electrode array was subdurally or epidurally placed over core auditory cortex using vasculature landmarks. For the recovery procedure, the craniotomy was then covered with a 1.5% solution of warm agarose. After the agarose solidified, the craniotomy was encapsulated with industrial grade cement (Grip Cement, Dentsply Caulk). After the craniotomy was covered and the array was secure, a thin silver wire was soldered between the headstage and the skull screws to be used as ground and reference. Finally, the entire headstage, reference wire and skull screws were then encapsulated in industrial grade cement. The surgical site was flushed with a povidone-iodine (Betadine) solution and the incision points sutured. Animals were left to fully recover before electrophysiological recordings were made approximately 1 week later. One animal was implanted with our first version headstage [16] , while the second animal was implanted with our improved second version headstage, described above. For acute implantation, the craniotomy procedure was performed as described above, except it was left uncovered and irrigated with sterile saline during the recording session.
Electrophysiological recording and stimulus presentation
Responses to tone pips of 13 frequencies (0.5-32 kHz, 0.5 octave spacing, 50 ms in duration, 2 ms cosine-squared Ongoing background activity can also be observed. ramps) at eight sound pressure levels (SPLs, 0-70 dB SPL, 10 dB SPL steps) were recorded to reconstruct frequencyintensity response areas. Pure tones were presented in a pseudorandom sequence at a rate of 1.25 Hz, to the contralateral ear (for acute experiments) using a calibrated freefield speaker (MF1 Multi-Field Magnetic Speaker, Tucker-Davis Technologies). Each tone was repeated 30 times for each dB SPL played. Responses to brief broadband click stimuli (0.2 ms in duration, 70 dB SPL, 1.25 Hz, 250 repetitions) were also recorded for three awake sessions with one rat (days 30, 37, 56) and all awake sessions with another rat. Acoustic stimuli were generated using an auditory processor (TDT System III RZ6). The speaker was calibrated to have <1% harmonic distortion and flat output in the frequency range used.
Data acquisition
The multiplexer outputs were sampled at 250 kHz with an oversampling factor of 8 on two PXI-6289 data acquisition cards, yielding a multiplexer switching rate of 31 250 Hz. Samples taken before the multiplexer output had completely settled to 18-bit accuracy were discarded. The remaining samples were averaged to reduce noise, yielding an effective final sampling rate of 1953 Hz per electrode channel.
Neural signal analysis
Electrode sites from each recording were first screened based on signal power. All sites with background rms voltage between
were included for analysis. Power less than 20 V m corresponded with pre-amplifier saturation, while power greater than 300 V m consistently indicated intermittent corruption from non-neural sources.
2.6.1. Power spectral density. Spectral density functions were estimated for 600 ms segments of interstimulus baseline μECoG using Thomson's multitaper estimator, which is the mean of approximately uncorrelated spectral estimators computed using orthonormal tapers [18, 19] . We used six Slepian tapers with a time-bandwidth product of 3.5 and a spectral resolution of 11.67 Hz. The power spectral density functions were averaged first over segments and then over electrode channels for a final stationary estimate.
2.6.2. Analysis of evoked responses. For visualization and analysis of evoked responses, timeseries were bandpass filtered to 2-100 Hz using a digital zero-phase 6th order Butterworth filter. Evoked-responses were measured using the middle latency response windowed over a 50 ms period after stimulus onset. We scored response waveforms in a featureindependent manner using a generalized, unit-less vector magnitude called the Mahalanobis distance [20] [21] [22] [23] [24] . A center (mean) vector m and covariance matrix S were estimated from 50 ms windows of all inter-stimulus baseline periods, and the squared-length of each evoked response vector r was calculated as d r r r .
Defined this way, the Mahalanobis distance is a fully multivariate measure of the divergence between an evoked response and the spontaneous activity of the baseline process; under a Gaussian interpretation it can be read as the length of a vector of standardized scores. However, it is challenging to calculate the Mahalanobis distance in high dimension because the covariance matrix is difficult to estimate with precision, and may be numerically ill-conditioned. To address this, we regularized the covariance estimator by using a convex combination of the sample covariance estimator and the identity. The resulting estimator has superior asymptotic consistency and provides a numerically well-conditioned matrix [25] .
The Mahalanobis distance was also used to assess a signal-to-noise ratio (SNR). In one sense, the score automatically normalizes the response with respect to baseline since the distance is calculated over a space where the baseline process is isotropic white noise by design. However, we defined an evoked SNR that normalized the response strength by an empirical measure of the baseline variance:
The logarithm was used as a variance-stabilizing transform. The response strength s i 2 for the ith tone was defined identically to the baseline variance for the corresponding set i T of replicated middle latency responses, and the evoked SNR was taken as the largest response strength divided by the baseline variance:
Evoked SNR and peak-to-peak amplitude were only measured for channels in which the rms voltage of trialaveraged post-stimulus activity could be reliably distinguished from that of trial-averaged pre-stimulus activity. The mean and variance of a lognormal distribution of trial-averaged prestimulus power was estimated by bootstrapped replicates. If the trial-averaged post-stimulus power for any condition scored at the 99th percentile of the estimated pre-stimulus power distribution, the channel was deemed responsive.
2.6.3. Estimation of best frequency. Best frequency was estimated by computing the center of mass of the response scores at 70 dB SPL. The response score mass function was defined over a circular domain of tones in order to prevent biasing the center of mass towards the interior of the 0.5-32 kHz stimulus range. Frequency response areas from anesthetized and awake recordings were also constructed to further validate the recording system for auditory cortical recordings (supplemental figure 1).
2.6.4. Spatial characteristic of site-site correlation. A Pearson correlation coefficient was computed for μECoG signal between all pairs of electrode channels. For each pair, correlation coefficients were computed for and averaged over 600 ms blocks of 10-100 Hz bandpassed surface potential from interstimulus windows. We used a descriptive model of exponential decay
-/ to quantify the characteristic length of correlation roll-off as a function of site-site distance [26, 27] . The characteristic length l is termed the 'e-fold distance', referring to the site-site distance at which correlation is expected to be diminished by a factor of the constant e. Observed correlations were grouped at discrete distances, due to the grid geometry of the electrode array, and exhibited considerable heteroskedasticity between groups. Correlation values were log-transformed, and the model was fit by linear least squares with residuals weighted by the inverse of the within-group variance. The hypothesis test for differences between slopes was based on the student's t statistic of multiple regression coefficients.
2.6.5. Linear classification scheme. To predict stimulus conditions, a supervised linear classifier was developed consisting of a compressive stage and a discriminative stage [28] . All sites with normal rms voltage 20
were included for analysis, resulting in P viable sites. Naive feature vectors were constructed by concatenating all length-M post-stimulus responses from the P responsive sites, resulting in a PM-dimensional vector. Using 6-fold cross-validation, each of the PM variates were first mean/ variance normalized. The naive feature vectors in the training set were then compressed using the singular value decomposition to obtain a reduced-rank approximation. The optimal rank for each classifier was determined in a separate cross-validated tuning stage using multiple shuffle-and-split cross-validations. Finally, linear discriminant analysis was applied to estimate the tone-likelihood map of the resulting compressed feature space. Naive feature vectors from the training set were normalized and compressed according to the learned transformations, and the maximum likelihood tone was estimated for each response. Average accuracy over all tones was estimated by the total proportion of correct predictions. A task-specific measure of prediction error was defined as the spectral distance in octaves between the stimulation tone t and the tone predicted by the decoding function g t ( | ) ⋅ from the response r: e t grt log log .
was estimated using the empirical conditional distribution p r t ( | ) given by the decoding confusion matrix. Confidence intervals of the decoding error were estimated by resampling decoder output to create bootstrapped replicates of the confusion matrix.
Results
Anesthetized and awake recordings
We designed, built, and validated a multiplexed μECoG system shown in figure 1 for long-term recordings from rat auditory cortex (figure 1). After implantation, we measured responses to acoustic stimuli from the primary auditory cortex and surrounding auditory areas of ten rats divided into four groups: four rats were implanted subdurally under ketamine anesthesia, two rats were implanted subdurally under pentobarbital anesthesia, three rats were implanted epidurally under ketamine, and two rats that were implanted epidurally were also recorded while awake and freely moving. The tenth rat was implanted epidurally and subsequently subdurally under ketamine. Figure 2 shows continuous activity on all 60 channels from an animal under pentobarbital anesthesia during pure tone presentation. Single-trial tone-evoked responses were visible 10-15 ms after stimulus onset (figures 2(a) and (b)). Evoked responses were frequently visible in real-time on the data acquisition display, sometimes consistently rising >1 mV above the ongoing signal ( figure 6(a) ). Figure 3 shows continuous μECoG recordings from an awake animal that was allowed to move freely within the home cage, tethered only by an ultra-flexible μHDMI cable. Although the ratio of evoked power to baseline power was lower in freely moving animals than in anesthetized animals, single-trial tone-evoked responses were still visible on many electrodes. The headstage did not include a lowpass filter before the multiplexer discretized the voltage signal, but we did not observe any aliasing artifacts, presumably due to the lack of appreciable harmonic content in the neural signal at frequencies above ∼900 Hz.
Signal characteristics
Power and correlation statistics of the interstimulus baseline were computed for different experimental conditions ( figure 4) . Signal power from the awake and anesthetized conditions was visibly elevated relative to the system noise floor of 2.1 μV rms between 1 and 300 Hz, improved from 5.9 μV rms in [16] . Low frequency (1-10 Hz) and narrowband power (100-120 Hz) due to ketamine anesthesia [29] were both evident in the power spectra. For the purpose of comparing signal properties across recording conditions, we restricted our analysis to the 10-100 Hz band that was free of anesthesia-related phenomena.
RMS voltage of the interstimulus baseline was consistent across nine recording sessions spanning 10 weeks in one animal and seven sessions spanning 5 weeks in a second animal. A linear regression over days with random effects per channel showed no significant trend ( figure 4(b) , slope=0.01 μV d −1 , p>0.05, likelihood ratio test with 1 degree of freedom) indicating that the recording system was stable.
In order to monitor signal redundancy across channels, we measured the spatial correlation between channels by computing the Pearson correlation coefficient between all pairs of electrode channels ( figure 4(c) ). The spatial correlation functions were well-described by a standard exponential covariance model for random fields (see Methods for details on the calculation and model fitting for spatial correlation). In figure 4(c) , we compared the correlation decay for the four recording conditions. The random fields from anesthetized subdural recordings (ketamine and pentobarbital) were least correlated on remote sites (e-fold constants were λ=2.5 mm for both conditions, p>0.05, Student's t-test). The e-fold distance was significantly higher for epidural recordings (λ=4.4 mm, p<0.001, Student's t-test). Two representative subdural and epidural recordings from the same ketamine-anesthetized animal showed a consistent increase in efold distance from 2.5 to 4.3 mm (p<0.001, Student's t-test). This increase in the characteristic length of correlation might be due to the lateral spread of current across the cerebrospinal fluid and the dura mater. The e-fold distance was even larger for awake recordings (figure 4(c), λ=13.9 mm, p<0.001, Student's t-test).
To track the random field characteristics of the implanted electrodes, we monitored the spatial correlation of each implanted animal over recording sessions for a maximum of 73 d post-implantation ( figure 4(d) ). The spatial constant of correlation gradually increased to a final level of 14.3 mm after day 73 in animal one, but dramatically increased to levels between 60.2 and 103.1 mm after day 15 in animal two.
The rising e-folding distance was consistent with the possibility of a growing number of sites becoming electrically coupled. An accelerated lifetime study (supplemental figure 2(b) ) predicted stable impedances over ∼1 month at body temperature.
Tonotopic organization and high trial-to-trial reliability
We recorded responses to a combination of pure tone pips (0.5-32 kHz) at varying intensities (0-70 dB SPL). These responses were used to reconstruct a best frequency map at 70 dB SPL over the entire array ( figure 5(a) ). Single-trial evoked responses were clearly and reliably distinguishable from baseline activity (figures 5(b)-(d)). The frequency tuning of electrode sites was apparent in single-trial evoked responses, and was consistent with the tonotopic organization of auditory areas mapped intracortically using spiking activity [30, 31] .
Evoked signal to noise ratio for anesthetized and awake in vivo recordings
In order to measure the evoked signal strength relative to background activity we computed the peak-to-peak voltage and the evoked SNR at best frequency recorded at 70 dB SPL ( figure 6) . The evoked signal power, reflected by peak-topeak voltage, varied greatly with brain state (anesthetized versus awake), as well as between anesthesia conditions. In the case of ketamine anesthesia, the higher evoked power was correlated with high baseline power, such that the SNR was lower on average than the pentobarbital condition. For 70 dB SPL tones, the median value of evoked SNR across anesthetized conditions was between 6.7 and 9.6 dB (or 4.7-9.1 times the background level), with a large share of highly responsive sites scoring >12 dB (∼16 times the background level). For awake recordings the median evoked SNR was 1.1 dB. The decrease in evoked SNR seen in the awake recordings is expected; significant differences in response properties between anesthetized and awake recordings have been widely reported in the literature [32] [33] [34] [35] .
Awake recordings
We used our electrophysiological system to record evoked responses with an epidural electrode array up to 73 d (nine recording sessions) in one rat and 6 weeks (eight recording sessions) in a second rat. Recordings were made until the stimulus-decoding error (section 3.6) was indistinguishable from random choice, which indicated a lack of functionally relevant neural responses. Surface potentials from auditory cortex were recorded while the animals were allowed to move freely within the home cage, tethered only by an ultra-flexible μHDMI cable. We observed consistent responses to the best frequency tone played at 70 dB SPL over the course of 10 weeks. The best frequency response waveforms (in this case at 8 kHz) depicted in figure 7(a) show similar morphology, especially after the first week of implantation (the 36 pairwise Pearson's correlation coefficients were between 0.55 0.91, r -< < median=0.51). Examples of response waveforms to click stimuli from the same electrode are shown for days 37 and 56 ( figure 7(b) ).
The evoked SNR for best frequency responses at 70 dB SPL across awake recording sessions is shown in figure 7(c) . During the first awake recording sessions (day 6) the median evoked SNR over sites was 1.3 dB (n=2 rats) and during the last awake recording session (day 73) it was 1.0 dB (n=1). On all 14 post-implant days, the evoked SNR was significantly higher than a control SNR computed with baseline samples ( figure 7(c) , shown in gray, maximum p<0.001, Mann-Whitney U test, one-sided). As an additional response metric we measured the peak-to-peak amplitude for the best frequency responses at 70 dB SPL. On the first awake recording sessions (day 6) the median peak-to-peak amplitude was 106.0 μV (n=2) and on the last awake recording session it was 63.4 μV (n=1). The evoked SNR was also measured for responses to click stimuli from six awake recording sessions ( figure 7(d) ). Click-evoked SNR appeared more consistent than tone-evoked SNR (the median SNR over sites on day 6 was 1.5 dB (n=2), and on day 56 it was 1.4 dB (n=1)). On all post-implant days, click-evoked SNR was higher than control SNR (maximum p<0.001, Mann-Whitney U test, one-sided).
Tone classification from single-trials
In order to determine if evoked responses could predict tone identity, we trained a linear classifier to predict tones based on the observed pattern of neural activity on single-trials. The mean classification accuracies for different recording conditions were all above chance: 86% and 52% for anesthetized subdural preparations (pentobarbital and ketamine, respectively), 49% for ketamine and epidural, and 29% for awake and epidural recordings (the chance rate for 13 classes was 7.7%). Figure 8(a) depicts examples of confusion matrices and decoding accuracies from the highest-accuracy recording in each group. We also calculated decoding error based on the spectral distance in octaves between actual and predicted tones ( figure 8(b) ). Mean decoding errors were 0.11 octaves and 0.53 octaves when recording subdurally (under pentobarbital and ketamine respectively), 0.62 octaves for ketamine and epidural recordings, and 1.2 octaves for awake recordings. All decode errors were less than the chance error of 2.2 octaves that would be observed with a uniform confusion matrix. As a measure of stability, we tracked the decode error separately for each implanted animal over a maximum of 73 d ( figure 8(c) ). The error shows a gradual increase over days in both implants, and the median decoding error per implant was not significantly different (p>0.05, Mann-Whitney U test, two sided). We observed amplifier saturation on several channels between days 9 and 22 in one animal (figure 8(c), shown in black) that contributed to larger errors. The error level returned to a consistent level at day 30 when all channels were again recorded.
Discussion
We validated a low-cost, multiplexed headstage and electrophysiological recording system that directly interfaces with μECoG arrays for high-density recordings in vivo. Our system reduced the number of electrode wires required for recording and also had the additional benefit of reduced implant size. While the multiplexing headstage is not significantly smaller than other multiplexed headstages, the low-cost design enables it to be directly implanted on the animal, eliminating an additional electrode adapter PCB to convert from the electrode to an Omnetics connector. Besides reducing the height of the recording system by an additional 12 mm it further reduces the cost of the implantation. In addition, the lightweight design of the headstage (<3 g) makes it suitable for recordings in mice, gerbils and other small rodents.
The μECoG electrode was designed to balance low-cost industrial fabrication with the high integration density desired for fine pitch neural interfaces. Flex-PCB fabrication is a practical alternative to other processes utilized in commercially available μECoG arrays. MEMS-fabrication of thinfilm electrodes (such as those sold by NeuroNexus [36] ) can support features sizes of approximately half the dimension of the flex-PCB process. However, the fabrication process is more cost-intensive than PCB manufacturing: a 64-contact μECoG array with lower electrode density (500 μm pitch) costs $1365 as compared to $29 for our μECoG array. Laserfabricated electrode circuits (such as those sold by CorTec) are also available. These devices, patterned from platinum or platinum-iridium foil and encapsulated by medical grade silicone, have improved biocompatibility, but are limited in feature density. Parallel metal wires require redundant empty (c) Left, evoked SNR for the best frequency tone at 70 dB SPL over awake recording sessions (n=2 animals). Control SNR scores (gray) were computed by replacing response vectors with a set of interstimulus baseline that was distinct from the reference baseline sample. Right, peak-to-peak response amplitude for the best frequency tone at 70 dB SPL across awake recording sessions (n=2 animals). The red arrows in (a) show how the peak-to-peak amplitudes were measured. Number of channels with pure tone responses: day 6=108 (48+60, n=2), day 9=107 (49+58, n=2), day 13=60, day 15=32, day 20=58, day 22=23, day 23=60, day 28=60, day 30=60, day 35=60, day 37=50, day 42=35, day 45=54, day 56=59, day 73=53. (d) Evoked SNR scores for click stimuli for 11 awake recording sessions. Black dots represent individual channels. All 60 channels responded to clicks for each session in (d).
tracks between metal traces and have an effective pitch of 100 μm [37] reducing the achievable electrode spacing to >1 mm, while the total thickness of the arrays are >70 μm [38] . An improved process using picosecond lasers can reduce the effective pitch size to 25 μm [39] , however this is not yet commercially available. The flex-PCB fabrication method we utilized supports track pitches of 50 μm and device thicknesses of ∼25 μm.
We demonstrated that our electrophysiological system can be used to record surface potentials in vivo for at least 1 month. While we were able to record for up to 10 weeks in one animal, in a second implanted animal 75% of the channels became highly correlated and likely reflected a wiring failure around the third week of implantation. In addition, our accelerated lifetime experiment (supplemental figure 2) suggest that the stable lifetime of our μECoG arrays may be limited to ∼1 month, after which point over 10% of sites developed high impedance due to damage to the electrode pad or wire trace. While the accelerated lifetime study was consistent with the second implanted animal (stable recordings for one month), it did not correspond with the first implanted animal (stable recordings for 10 weeks), indicating that the in vitro results may not accurately predict in vivo outcomes and it may be possible to record for longer in vivo. We are continuing to investigate new materials for our μECoG arrays that will extend their lifetime.
The μECoG arrays also contain copper as a base metal to form the interconnections and nickel, both of which are not biocompatible. Similarly, the biocompatibility of the soldermask encapsulation used is not known. However, the copper and nickel are protected from the brain by surface gold plating. ECoG arrays fabricated with the same materials have been used successfully in non-human primates [3] . To solve this limitation, we are developing new μECoG devices that contain only noble metals and encapsulation materials with known biocompatibility.
Decoding performance measured in awake animals remained above chance up to 73 d post-implantation in animal one, and up to 45 d in animal two ( figure 8(c) ). The variance in decoding performance seen in days post-implant ( figure 8(c) ), shown in black) is likely not explained by the minor fluctuations in evoked SNR and peak-to-peak values over days post-implantation as these values remain consistent over time (figures 7(b) and (c)). Nor did decoding error seem to be explained by the baseline level of correlation between channels, which was significantly different between implants. More interestingly, session-to-session changes in the e-fold distance of up to 5 mm did not coincide with proportional changes in decoding error in the same implant. Instead, the non-monotonic relationship between decoding error and days post-implantation are at least partially explained by the number of electrode channels available on any given Figure 8 . Tone decoding results from anesthetized and awake recordings. (a) Confusion matrices were computed for linear classifier performance over 6-fold cross-validation for the highest-accuracy recordings from each experimental condition (ketamine epidural=77%, ketamine subdural=60%, pentobarbital subdural=98%, and awake epidural= 41%). (b) Decoding error was 0.11 octaves for the pentobarbital subdural (3 recordings from n=2 animals), 0.53 and 0.65 octaves under ketamine (8 subdural recordings from n=4 animals and 6 epidural recordings from n=3 animals respectively), and the average performance of awake epidural recordings showed an error of 1.2 octaves (17 recordings from n=2 animals). Red line represents chance. (c) Decoding error was tracked up to 10 weeks in two freely moving animals (black and gray dashed lines). The 95% confidence intervals of decoding error in (b) and (c) were estimated from 10 000 bootstrap replicates of the confusion matrices for each group of recordings. recording day; for example, the highest decoding error was seen on day 22 when there were only 32 channels recorded in animal one (figure 8(c), shown in black). After an interval that spanned days 9-22, during which several channels were not recorded due to amplifier saturation, the error level resumed a gradual increase over time. (We addressed the saturation problem by adding a high-pass filter to the second version of the headstage, which increased the yield of functioning channels to 60 per day in the other animal). As a converse example, the decoding error was not strongly affected by the development of a highly correlated set of channels from days 20 to 45 in the other implanted array (animal two). In fact, the decoding performance degraded when these channels were excluded from the classification algorithm.
While large changes in the correlation length were likely related to electrical coupling, smaller week-to-week fluctuations in the correlation length ( figure 4(d) ) might be the effect of an evolving conductivity landscape caused by different tissue responses. For example, the build up of collagen (lower conductivity) and transient micro-hematomas (higher conductivity) are common in epidural implants of flexible electrode arrays [40] . In addition, the electrode array's surface geometry has been shown to influence the thickness of encapsulation tissue beneath the array [41] , affecting both the electrode-electrolyte interface impedance [42] and the conductivity of the medium between the electrode and the neural sources [43] . For future electrode designs, we will consider alternate substrate geometries and materials that may increase the performance of the array.
Conclusion
These results indicate that our low-cost, multiplexed electrophysiological system can be used to record high-volume surface potentials from the primary auditory cortex and surrounding auditory areas in anesthetized rats, and also in freely moving awake rats for a period of at least 1 month. In addition, we have developed a series of rigorous signal characteristics for analyzing μECoG signals. These signal processing tools can be generalized to any local field potential recording. The high-resolution signal sensed by this array would be useful for μECoG-based BMI studies in rodents, which have been limited by low-resolution recording techniques. The present work represents a stride towards establishing reliable and accessible long-term recording from freely moving animals. The use of such recordings is essential for studying dynamic processes such as learning during operant conditioning and studying plasticity mechanisms underlying perceptual and cognitive improvements during neuroprosthetic use.
